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ABSTRACT 
 
 
 

 Ligament viscoelasticity is an important determinant of tissue response to loading, 

and viscous dissipation modulates the potential for ligament damage or catastrophic 

failure.  The nature of ligament viscoelastic response represents a combined measure of 

solid phase viscoelasticity and fluid movement.  Both of these contributors are likely 

direction-dependent due to ligament anisotropy.  Small sinusoidal perturbations about an 

equilibrium strain value allow application of linear viscoelasticity theory for 

determination of dynamic stiffness (a measure of modulus) and phase angle (a measure of 

energy dissipation).  The objective of this study was to quantify the multiaxial strain- and 

rate-dependent viscoelastic behavior of the human medial collateral ligament (MCL) in 

tension along its longitudinal and transverse directions, and under simple shear loading.  

It was hypothesized that the dynamic stiffness would increase modestly with strain rate 

and strain level and that the phase would remain constant with frequency but decrease 

with increasing strain level.  Results demonstrated that dynamic stiffness of human MCL 

varies greatly with test mode and equilibrium strain, but the magnitude is relatively 

insensitive to strain rate.  The phase lag had very similar magnitudes and variation with 

frequency across all three test configurations.  The only exception was a higher phase lag 

at low frequencies for the longitudinal tests.  This could be due to an energy dissipation 

contribution by uncrimped collagen at the lowest strain level.  The increase in phase at 

higher frequencies indicates increased energy dissipation and may provide a protective 
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mechanism under fast loading.  The data obtained in this investigation will help to 

develop three dimensional constitutive models of the human MCL. 
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CHAPTER 1 
 
 
 

INTRODUCTION 
 
 
 

Motivation 

 Ligaments are short fibrous bands that bind bone to bone in diarthrodial joints and 

function to provide stability and support during the motion of diarthrodial joints.  An 

understanding of the biomechanics of ligaments is crucial for the understanding of injury 

mechanisms and to evaluate existing surgical repair techniques.  The mode of failure in 

ligaments depends strongly on the rate of loading [1].  Thus, ligament viscoelasticity is an 

important determinant of tissue response to loading, and viscous dissipation by the tissue 

modulates the potential for injury. 

 The medial collateral ligament (MCL) is one of the most frequently injured 

ligaments of the knee [2].  Previous studies have characterized the elastic properties of 

human medial collateral ligament along and transverse to the collagen fiber direction [3] 

and the elastic and quasistatic viscoelastic properties of MCL in shear [4].  However, 

there are still insufficient data to develop fully three-dimensional viscoelastic constitutive 

models.  Quantification of the multiaxial viscoelastic properties of ligaments such as the 

MCL is necessary to  develop accurate three-dimensional constitutive models that can 

accommodate elastic and viscoelastic anisotropy.  With this information, computational 

numerical tools such as the finite element method can be used to simulate joint 
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kinematics to study surgical effects, predict conditions that may lead to injury, and as an 

educational tool both for clinicians and patients.  Thus, the objective of this study was to 

characterize the multiaxial strain and strain-rate dependent viscoelastic properties of the 

human medial collateral ligament.   

 

Summary of Chapters 

Chapter 2 describes the anatomy, structure and function of the human MCL, 

reviews background material and states the objectives and hypotheses of this study.  

Chapter 3 describes the experimental methodology, data and statistical analysis.  Results 

of this study are presented in Chapter 4.  Chapter 5 provides a discussion of the results, 

the strengths and limitations of this study, states the conclusions and establishes some 

guidelines for future work. 



 

 

 

CHAPTER 2 

 
 

BACKGROUND 

 
 

Ligament Composition,  Structural Organization and Function 

 Ligaments are well suited to the physiological functions  they perform.  

Ligaments are a biological composite consisting of a ground substance matrix reinforced 

by a fibrous network of collagen and elastin.  Ligaments are sparsely populated by 

fibroblast cells that have an elongated shape in the tissue midsubstance and a more 

rounded shape near the insertions to bone [5,6].  Similar to other musculoskeletal soft 

tissues, the primary function of the cells is to maintain the collagen scaffold.  Water 

makes up about two-thirds of the weight of normal ligaments and 70-80% of the 

remaining weight is made up by the fibrillar protein collagen [7].  Collagen is the primary 

component that resists tensile loads in ligaments. 

 Ligaments are sometimes described as consisting of two main differentiable 

constituents, the fibers and the matrix.  The main component of the fibers is collagen.  

Tropocollagen is the fundamental collagen unit. This basic unit consists of three alpha-

helix chains coiled together in a right-handed twist.  Tropocollagen molecules gather to 

form a collagen microfibril.  The pattern of the assembly is a quarter-staggered packing 

[8].  Microfibrils bundle together to form fibrils.  These fibrils are periodically cross-
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striated.  Bundles of fibrils are assembled into fascicles, and fascicles are enclosed by a 

sheath of transparent reticular membrane to form fibers [9]. 

 The matrix or ground substance is the connective tissue that surrounds the fibers 

and consists of proteoglycans and glycosaminoglycans.  Water is entrapped between the 

proteoglycan molecules, conferring viscoelastic properties to the ligament.  It is believed 

that the shrinking of the ground substance is the cause of the crimp pattern of the collagen 

fibers. 

 Joint kinematics are determined by a combination of articulating bony geometry, 

ligament forces, and muscle and tendon forces.  Ligaments contribute to maintaining 

proper joint kinematics by guiding normal motions and providing a passive mechanical 

restraint preventing abnormal motions.  The anatomical geometry of ligaments and the 

location of their insertion sites have roles in dictating joint motion and stability. 

 Although the primary function of ligaments is to resist uniaxial loads, they also 

experience shear and transverse loading in vivo.  Complex loading patterns are especially 

common at the ligament insertions to bone [10].  Additionally, ligaments wrap around 

bone surfaces in certain configurations and are subject to compressive contact stresses 

[10,11]. 

 
 

Elastic Material Properties of Ligaments 

 Ligaments play an important role in joint kinematics and joint stability.  Due to 

the crimped nature of ligament fibers, as load increases there is an elongation of crimped 

fibers and recruitment of neighboring fibers.  As a consequence, there is an increase in 
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tissue stiffness.  This increase follows a non-linear relationship.  This complex nonlinear 

behavior provides control during motion [8]. 

 There have been numerous studies of the uniaxial tensile material behavior of 

ligaments under quasi-static and high rate loading conditions, and the literature is too vast 

to completely summarize here.  The following studies are offered as representative of the 

data that are available in the literature.  Butler et al. [12] studied the mechanical response 

of bone-ligament-bone structures for the anterior and posterior cruciate ligaments, the 

lateral collateral ligament and the patellar tendon.  The isolated test specimens included 

individual bundles of the ligaments, yielding samples that could be loaded homogenously 

in tension.  Elastic modulus and stress-strain curves for failure tensile testing were 

reported.  However, the test performed was quasistatic and the strain rate and strain 

dependent properties of the ligaments were not studied. 

 Quapp and Weiss [4] characterized the quasistatic material properties of the 

human MCL along and transverse to the collagen fiber directions.  The experimental data 

were used to determine material coefficients using a nonlinear least squares method and 

the ability of three hyperelastic constitutive models to describe the data was tested.  

Studies of the effect of strain rate were not performed.  Weiss et al. [13] studied the 

elastic and viscoelastic shear behavior of the human MCL.  Shear specimens were loaded 

with a triangular motion profile at 0.1 Hz for 10 cycles.  The clamp reaction force along 

the shear direction was recorded as a function of applied shear strain during the loading 

portion of the 10th cycle.  A least squares technique was used to fit the data to a strain 

energy function.  The viscoelastic behavior of the MCL was examined under shear 
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loading by performing stress relaxation tests following three different strain ramping 

rates. 

 
 

Viscoelastic Properties of Ligaments 

 The viscoelastic nature of soft tissues has proved to be very important to their 

mechanical response over a range of loading rates.  The material behavior of soft tissue is 

strain and strain-rate dependent [14-17].  Therefore, it is also vital to characterize the 

dynamic viscoelastic response of soft tissue.  Most of the experimental and theoretical 

framework developed to characterize the viscous behavior has been based on stress 

relaxation and creep testing.  The relaxation and creep functions can be readily obtained 

from these tests; however, it is more difficult to gain accurate insight into the response of 

the tissue over a range of loading rates, especially higher rates, since most of the tissue 

relaxation or creep occurs within a matter of 1-5 seconds. 

 Studies of mechanical response of human ligaments have focused primarily on 

quasistatic viscoelastic response, i.e., stress relaxation and creep testing.  Crowninshield 

et al [1] determined that failure mechanism of ligaments depends on loading rates.  

Common injuries in sports occurred at high loading rates.  Even though this is common 

knowledge nowadays, there is an important lack in the literature about frequency 

dependent response of human knee ligaments. 

 Several studies have reported the uniaxial rate-dependent viscoelastic properties 

of animal ligaments.  Woo et al. [18] investigated the time and history-dependent 

viscoelastic properties of the canine MCL.  The response of the ligament was insensitive 

to three decades of change in strain rate (0.01%/s to 1%/s).  The long-term relaxation 
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function was found to be linear when plotted on a log-log time scale.  Danto and Woo 

[16] analyzed the response of anterior cruciate ligament and patellar tendon from 

skeletally mature rabbits over a range of strain rates.  Ligament and tendon were 

subjected to tensile loads to failure at different strain rates.  There was an increase in 

modulus with increasing strain rate for both ligaments.  Failure occurred by avulsion for 

both the rabbit ACL and patella.  Woo et al. [15] investigated the strain rate response of 

medial collateral ligament in skeletally mature and immature rabbits.  It was found that 

the femur-medial collateral ligament-tibia complex (FMTC) of skeletally immature 

rabbits is more strain rate sensitive than the FMTC of skeletally mature rabbits.  Kwan et 

al [19] studied the viscoelastic properties of the porcine anteromedial bundle of the 

anterior cruciate ligament.  It was found that the relaxation function was not linear with 

respect to the log of time.  A cyclic tensile test was also performed by extending the 

specimens between 1 and 5% strain at a constant strain rate of 2.78%/s.  Fung's 

quasilinear viscoelasticity (QLV) theory was used successfully to match the cyclic 

behavior.  However, the effects of strain rate were not examined, and even though QLV 

was able to fit the experimental stresses, the fit of QLV to the energy dissipation behavior 

was not reported. 

 These studies investigated some aspects of the viscoelastic properties of animal 

ligaments, but the data reported are insufficient to completely evaluate the dynamic 

viscoelastic behavior of tissue.  None of the studies reported the energy lost as function of 

strain rate.  This is very important to understand the mechanisms that may control 

ligament failure.  However, investigators have used an approach that can characterize by 

rate effects and energy dissipation for other biological soft tissues.  Anderson et al. [20] 
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studied the dynamic viscoelastic properties in shear of the equine medial meniscus.  A 

small sinusoidal shearing motion was applied along and perpendicular to the fiber 

directions at frequencies oscillating between 100 Hz and 800 Hz.  The amplitude of the 

sine waves was small enough to assume incompressibility.  For both types of test 

specimens, the shear modulus increased slightly with frequency and the phase decreased 

slightly with frequency.  The limitations of their apparatus prevent them from testing at 

lower frequencies, and the data presented were obtained at much higher strain rates than 

would be encountered during physiological loading or even injury.  One can conclude 

that the QLV theory would fail to predict the loss energy as a function of frequency 

reported in this study since the QLV theory predicts constant damping over a large range 

of frequencies.  Iatridis et al. [21] determined the dynamic viscoelastic behavior of the 

human nucleus pulposus (NP) in shear.  Their results show that the storage modulus and 

lost modulus are strain-rate dependent.  Both increased with angular frequency with the 

storage modulus (dynamic stiffness) always greater than the loss modulus (phase) over a 

2 decade frequency increment (1 rad/s to 100 rad/s).  The QLV theory was able to 

describe the stress relaxation data quiet well, but it was unable to fit the data for dynamic 

stiffness and phase angle obtained from the cyclic testing. 

  Among the theories that have been used to describe the viscoelastic response of 

ligaments and other soft tissues, the most popular in biomechanics is the so-called 

quasilinear viscoelastic theory introduced by Fung [9,22,23].  Fung took the theoretical 

model representing internal damping in solid materials developed by Neubert [24] and 

applied it successfully to describe and predict soft tissue viscoelasticity.  In this theory, 

the time-varying stress response of the tissue is split into elastic and viscous parts based 
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on either creep or relaxation experimental data.  The nonlinearity in the tissue response is 

entirely due to the elastic response.  The theory predicts a linear increase in storage 

modulus with frequency of loading on a log-log scale and relatively constant damping 

over a wide range of loading frequency.  Therefore, even though the response of many 

tissues shows frequency-dependent damping, the QLV theory, as presented by Fung, does 

not accommodate such a variation in damping with frequency. 

 Pioletti et al. [25] introduced a non-linear viscoelastic framework based the 

general constitutive equations described by Truesdell and Noll [26].  They included a 

term describing short-term memory to account for the effects of strain rate.  The 

theoretical framework was validated with experimental data from human cadaveric 

patellar tendons.  Assuming incompressibility, the soft tissue model the elastic, the short 

and long time response of the tissue very well.  To the best of our knowledge, this is the 

most complete theoretical framework that embeds the linear/nonlinear elastic response 

and the viscoelastic response at low and high frequencies.  However, the theory as 

presented assumed isotropic behavior, and the frequency response of the tissue and the 

model’s representation of the frequency response was not investigated. 

 
 

Anatomy and Function of the MCL 

 The present investigation focuses on the multiaxial viscoelastic material 

properties of the human MCL.  A brief overview of its anatomy and function is provided 

below to aid the reader in understanding the structure of the tissue, its function and the 

locations for harvest of test specimens.  The MCL, also known as tibial collateral 

ligament, is a membranous, flexible band of fibrous tissue extending from the medial 
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epicondyle of the femur to the medial condyle and medial surface of the tibia (Figure 

2.1).  It consists of two parts, the superficial MCL and the deep MCL.  The former is an 

anterior band extending from the femoral epicondyle and spreading out to its 

anteromedial insertion in the tibia; the latter is a short, deep and thick posterior band and 

its mission is to attach the meniscus to the tibia and femur [8]. 

 The superficial MCL is the primary restraint for valgus rotation of the knee [27-

30].  Both the superficial and deep MCL also act as primary restraints to internal tibial 

rotation  [28-31] and secondary restraints to anterior tibial displacement [28,32].  Hull et 

al. [33] studied the different combinations of loads and torque that causes MCL injury at 

different flexion angles.  They concluded that moments produce more damage to the 

MCL than single loads, and that external axial rotation inflicts higher strain on the MCL 

than valgus rotation.  The distribution of strain is highly inhomogeneous and depends on 

the knee flexion angle.   

 
 

Objectives and Hypotheses 

 Despite the valuable information provided by the studies discussed above and 

many others, experimental data currently available in the literature are insufficient to 

formulate a constitutive theory for the multiaxial viscoelastic behavior of ligaments.  The 

present work determined the strain level-and frequency mechanical response of the 

Human MCL within physiological loading rates to provide insight into the types and 

magnitudes of loading that might trigger ligament failure. 

 The objective of this study was to determine the rate and the strain-rate dependent 

elastic and viscoelastic properties of the human MCL inder longitudinal tensile and shear 
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Figure 2.1.  Medial view of the knee joint. The medial collateral ligament 
(A) connects  the medial epicondyle of the femur (B) to the medial 

aspect of the tibia (C). The meniscus is also visible (D).   

A B 

C 
D 
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loading.  The following hypotheses were tested: 

1)  The dynamic stiffness will increase slightly with frequency on a log-log plot, and the 

dynamic stiffness will increase with strain level due to the nonlinear elastic behavior of 

the tissue. 

2)  The phase angle will remain constant with frequency but decrease with increasing 

strain level, representing a decrease in energy dissipation with increasing loading rate. 

3)  Dynamic viscoelastic response will depend on the particular test direction and mode. 

 The results of this study will fully characterize the multiaxial viscoelasticity of 

ligament, allowing the development of an anisotropic three-dimensional viscoelastic 

constitutive model.  The constitutive model can be used in combination with numerical 

tools such as finite element methods to computationally replicate knee kinematics 

providing a very helpful tool to study injury mechanisms or loading conditions that 

otherwise would be very difficult or costly experimentally. 

  



 
 
 
 
 

CHAPTER 3 
 
 
 

MATERIALS AND METHODS 
 
 
 

Experimental design 

 Five pairs of human MCLs were used in this study (53.6±10.3 yrs, 3 males, 2 

female).  The right or left MCL was chosen at random for harvest of a longitudinal tensile 

test specimen.  Its pair was used for collecting transverse and shear test specimens.  

 

Harvest of Test Specimens 

 A hardened steel punch in the shape of a dumbbell test specimen (Figure 3.2, 

gauge dimensions 2x10 mm) was used to harvest a tensile specimen from the anterior 

edge of the superficial MCL, distal to the medial meniscus and proximal to the beginning 

of the tibial insertion of the MCL [4] (Figure 3.1).  A different dumbbell-shaped steel 

punch (Figure 3.2, gauge dimensions 6x4 mm) was used to harvest a test specimen 

aligned transversely to the predominant collagen fiber direction.  A rectangular 10x25 

mm hardened steel punch (Figure 3.2) was used to harvest rectangular samples for shear 

specimens.  Transverse and shear specimens (Figure 3.1) were harvested from the 

anterior region of the superficial MCL.  The exact locations of the transverse and shear 

test specimens varied slightly between samples depending on the physical characteristics  

  



 14

 
 

Figure 3.1.  Schematic illustrating approximate harvest locations for longitudinal (A), 
transverse (B) and shear (C)  test specimens. 

A 

C

B 
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Figure 3.2.  Hardened steel punches used to harvest the specimens.  
From left to right:  punch for shear specimens, punch for longitudinal 

 specimens and punch for transverse specimens. 
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of each MCL sample to ensure sufficient room to harvest both specimens.  Typical 

harvested samples are shown in Figures 3.3 and 3.4. 

 
 

Viscoelastic Protocol 

 The ends of each test specimen were wrapped in saline soaked gauze and 

mounted into a pair of custom clamps (Figure 3.5).   Before loading the test specimen into 

the testing apparatus, the initial length, width and thickness were measured using digital 

calipers.  Each measurement was taken three times at the center of the gauge length and 

averaged, and cross sectional area was calculated assuming a rectangular shape.  The 

clamp and tissue assembly were loaded to a custom designed tensile test machine (Figure 

3.6) inside an environmental chamber that provided a 100% humidity environment and 

constant temperature of 32 °C. 

 Two black constrast markers (1.5 mm dia.) were applied to each specimen for 

longitudinal and transverse tensile testing and tissue strain was recorded during testing 

using a camera system consisting of a digital camera (TM-1040, Pulnix, Sunnyvale, CA) 

and framegrabber (Roadrunner, Bitflow, Woburn, MA).  Force was monitored with a 22 

N waterproof load cell for longitudinal test and a 4.9 N waterproof load cell for shear and 

transverse cases (accuracies ±0.05% FS, Sensotec Inc, Columbus, OH).  Elongation was 

monitored with a linear variable differential transformer (LVDT) (Schaevitz, Haptom, 

VA).  All data were collected continuously at 500 Hz. 

 Parameters for each test configuration were optimized during a large series of 

preliminary studies to ensure that the 1) relaxation times were sufficiently long for each 

strain level, 2) equilibrium strain levels were within the expected operating range of the  
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Figure 3.3.  Typical longitudinal MCL test specimen harvested with the long axis aligned 
with the local fiber direction. 
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Figure 3.4.  Typical MCL specimen harvested for shear testing.  Fiber direction is aligned 
with the vertical axis. 
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Figure 3.5.  Top - a typical longitudinal specimen mounted in the clamps.  Fiber direction 
is aligned along horizontal axis.  Bottom - typical shear specimen mounted in the clamps.  

Fiber direction is aligned with the vertical axis. 
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Figure 3.6.  Custom design tensile test machine. Load cell (A), tissue specimen (B), 
linear variable differential transformer (LVDT) (C) and chamber (D).  The top of the 
chamber used to enclose the tissue sample is not shown. The top of the chamber had a 

tube connected to a humidifier system that pumped warm humidified air into the 
chamber, keeping the sample moist with saline solution. 

A

B

C

D
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  tissue but below the failure levels, and 3) tissue response to oscillatory strain was linear 

(Table 3.1).  The zero-load length was established by consecutively applying and 

removing a small tare load.  Preconditioning was performed by stretching the sample at 1 

%/s up to the levels in Table 3.1 (clamp-to-clamp strain) and allowing the specimen to 

stress-relax for 10 minute., followed by a 10 minute recovery period to allow 

recuperation of the viscoelastic properties.  The level of preconditioning strain was 

chosen to just exceed the maximum clamp-to-clamp strain to be experienced by the 

sample during cyclic testing.  The zero-load length was then re-established.  This was 

followed by incremental stress relaxation tests and sinusoidal cyclic loading.  Specimens 

were stretched to the first equilibrium strain level in Table 3.1 at 1%/s, allowed to stress-

relax for the times indicated, and then subjected to sinusoidal oscillations at six different 

strain rates spanning over two decades of variation.  After completion, the entire protocol 

was repeated at two larger equilibrium strain levels. 

 
 

Data Reduction and Statistical Analysis 

 For the stress relaxation tests, the peak and equilibrium stresses from the stress 

relaxation tests were determined at each strain level.  The stress-time curves were 

normalized by the peak stress to obtained reduced relaxation curves. 

 For the cyclic viscoelasticity testing, load and displacement profiles were 

converted to stress and strain, respectively.  For the longitudinal and transverse test data, 

strain levels were calculated using measurements of the lengths between the 

fiducialmarkers obtained from the digital camera data.  Because the optical system could 

not sample the strains fast enough during the rapid cycling rates, optical measurements of 
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Table 3.1.  Parameters used for the different test configurations 

 Longitudinal Transverse Shear 

Tare load (N) 0.49 0.20 N/A 

Precon. level (%) 8.5 18 49 

Equil strains (%) 4 6 8 8 12 16 25 35 45 

Relax. time (min) 25 40 55 20 25 30 10 20 30 

Osc. strain (%) ±0.125 ±0.500 ±1.000 

Osc. freq. (Hz) .01,.1,1,5,10,15 .01,.1,1,5,10,15 .01,.1,1,3,5,10 
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tissue strain obtained during the cyclic testing at either 0.1 Hz or 1 Hz were used to 

calculate the amplitude of the strain-time signal Aε , and these measurements were used 

for all cycling rates.  For the shear test specimens, shear strain, ( )tan θ , was calculated 

based on the specimen width and crosshead displacement [3,34]: 

( ) crosshead displacementtan
initial width

θ =       (3.1) 

The cyclic strain-time and stress-time data from each of the tests were fit to the 

following four-parameter sine function: 

0
2sin xy y A

b
π φ = + + 

 
.        (3.2)   

Here, y and x represent the experimental strain (or stress) and time data, respectively, 0y  

represents the dc-strain (or stress) level and A denotes the amplitude of the sine wave.  φ 

represents the phase and b denotes the inverse of the frequency in Hz. 

 Dynamic stiffness (M, Pascals) and phase shift (φ, radians) were calculated as a 

function of equilibrium strain level and frequency: 

; .σ
σ ε

ε

φ φ φ= −
AM =
A

       (3.5) 

Aσ and Aε denote the amplitudes of the cyclic stress-time and strain-time data, 

respectively, while φσ and φε denote the corresponding phase shifts (Figure 3.7). 

 Tissue strain rates corresponding to the cyclic loading tests were calculated from 

the tissue strain vs clamp strain curves  for the longitudinal and transverse cases.  For the 

clamp-to-clamp strain amplitude of the sine waves, its corresponding tissue strain 

amplitude was determined from individual clamp strain vs tissue strain curves obtained 
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Figure 3.7.  Representation of the stress and strain curves.  The solid line represents the 
applied strain-time data, while the dashed line represents the resulting stress-time 
response.  Aσ and Aε denote the amplitudes of the cyclic stress-time and strain-time data 
respectively.  φ  represents the phase between the stress and strain data curves. 
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during relaxation at each strain level.  Then, the strain rate was calculated at each 

frequency by dividing the tissue strain by the corresponding period for each frequency.  

 A two-factor repeated measures analysis of variance (ANOVA)  was used to test 

for the effect of the factors “strain level” and “strain rate” on the dynamic stiffness and 

phase for each test type.  The ANOVA is a statistical technique for testing for differences 

in the means of several groups.  Statistical significance was set at p≤0.05 (5%).  When 

significance was detected, Tukey tests were performed between different levels of a 

factor.  The Tukey test is a multiple comparison procedure for making pairwise 

comparisons among the means. 

 



 

 

 
CHAPTER 4  

 
 
 

RESULTS 

 
 

 There were no signs of tissue slippage or failure at the clamps during any of the 

tests.  The amplitudes of sinusoidal oscillation indicated in Table 3.1 were found to give a 

linear response, as indicated by symmetric loading and unloading amplitudes during 

sinusoidal testing and a good fit of the sine function in Eqn. 3.2 to the stress-time data in 

all cases.  Specimen dimensions were very consistent between samples (Table 4.1). The 

thickness for the shear specimens showed the largest variability.  In general test 

specimens had a regular geometry and a homogeneous appearance. 

 
 

Stress Relaxation Tests 
 

 Peak and relaxation stress values versus strain for all three test configurations are 

shown in Figure 4.1.  Tissue strain at the end of relaxation was used to for both peak and 

relaxation situations for longitudinal and transverse data.  As expected, peak and relaxed 

stress values for longitudinal tests were up to 200 times larger than those for transverse 

and shear values.  In all cases, the stress-strain relationships were nonlinear, especially 

remarkable along the fiber direction corresponding with the uncrimping of the fibers. 

 Figure 4.2 shows the tissue strain as a function of applied clamp strain for 

longitudinal and transverse testing.  The relationship was very linear for all three cases.   
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Table 4.1.  Dimensions of the MCL test specimens (mean ± standard deviation). 

 
Specimen 

Type 
Initial Length 
(mm) before 

preconditioning 

Initial Length 
(mm) after 

preconditioning 

Width 
 (mm) 

Thickness 
 (mm) 

Longitudinal 12.94±0.55 13.20±0.56 2.33±0.12 1.54±0.18 
Transverse 5.92±0.72 6.12±0.84 4.31±0.16 1.61±0.44 

Shear 10.23±0.32 N/A 7.58±0.94 1.73±0.95 
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Figure 4.1.  Peak and equilibrium stress vs. tissue strain (mean±st.dev.) for 
 longitudinal (top) and transverse (middle).  Peak and equilibrium stress vs.  

applied clamp strain for shear (bottom).  . 
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Figure 4.2.  Peak and relax tissue strain versus clamp strain for longitudinal  

 (top) and transverse (bottom) tensile tests.  Mean ± Standard Deviation. 
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However the measured tissue level strains were approximately half the measured 

clamp-to-clamp strains (Table 4.2). 

Figure 4.3 shows the reduced relaxation curves for longitudinal, transverse and 

shear testing.  Normalized relaxation curves are bilinear, suggesting more than one 

viscoelastic mechanism.  In particular, relaxation proceeds more slowly at first up to 

about 1 second for all three test configurations.  This could be related to inhibited water 

movement immediately after loading.  Relaxation curves in all cases but the lowest strain 

level for the longitudinal case overlap, suggesting that the relaxation mechanism is 

independent of strain level.  Peak and equilibrium stresses differed in magnitude 

dramatically under the different test configurations, but there were comparable levels of 

percent relaxation between the tests.  The largest percent relaxation was observed in the 

longitudinal test samples at the lowest strain level.  Note that data for relaxation at the 

lowest strain level for the transverse testing were omitted from the figure due to a 

temperature regulation problem during testing. 

 
 

Cyclic Viscoelasticity Testing 

Table 4.3 shows the strain rates during cycling for the three different tests, 

longitudinal, transverse and shear.  All of the cycling occurs within normal physiological 

strain rates though for the longitudinal case, the maximum loading rate was relatively low 

compared with injury strain rate levels that usually occur from 10%/s on.  

 There was a significant increase in the dynamic stiffness M as a function of strain 

level for all three tests (p<0.01 for all cases) (Figure 4.4, left column).  This indicates that 

the amount of energy stored by the material depends on the strain level and thus suggests  



 31

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Table 4.2.  Clamp-to-clamp strains (%) and resulting tissue level strains after relaxation 

for the stress relaxation experiments (mean ± standard deviation). 
 

 
Specimen 

Type 
Clamp 
strain 

Tissue 
strain 

Clamp 
strain 

Tissue 
strain 

Clamp 
strain 

Tissue 
strain 

Long. 4 1.62±0.75 6 2.43±1.13 8 3.24±1.51 
Transv. 8 3.75±1.34 12 5.89±1.93 16 7.53±3.05 
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Figure 4.3.  Normalized stress relaxation curves for longitudinal (top), 
transverse (middle) and shear tests (bottom).  Mean ± Standard Deviation. 
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Table 4.3.  Tissue strain rates (%/s) for the longitudinal and transverse cases and clamp 
strain rate for the shear case (mean ± standard deviation) 

 

 0.01 Hz 0.1 Hz 1 Hz 3 Hz 5 Hz 10 Hz 15 Hz 

Longitudinal .002 ± 
.001 

.020 ± 
.010 

0.20 ± 
0.09 

N/A 
 

1.01 ± 
.47 

2.02 ± 
.95 

3.04 ± 
1.42 

Transverse .012 ± 
.006 

.12042 
± .063 

1.204 ± 
.630 

N/A 
 

6.02 ± 
3.15 

12.04 ± 
6.3 

18.1 ± 
9.47 

Shear 0.04 0.4 4.0 12 20 40 N/A 
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Figure 4.4. Dynamic stiffness (left column) and phase lag (right column) as a function of 
oscillation frequency and strain amplitude for longitudinal (top row), transverse (middle 

row) and shear (bottom row) test configurations.  Mean ± Standard Deviation. 
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that the material is nonlinear viscoelastic.  Although not readily apparent on a log-log 

scale, there was a modest increase in M with frequency, and this increase was significant 

for longitudinal and shear tests (p<0.01 for both cases). 

 The change in phase lag φ with frequency was remarkably similar in magnitude 

and shape for the different test configurations.  The phase lag for all three test 

configurations showed a marked increase above 1 Hz.  Lower positive values describe 

less material damping, indicative of solid behavior, while higher values indicate a more 

viscous behavior.  There was a significant effect of frequency on the phase lag for all 

three test configurations (p<0.001 in all cases) (Fig. 4.4, right column).  However, there 

was only a significant effect of strain level for the longitudinal tests (p<0.005).  The 

lowest strain level for longitudinal data showed a larger phase lag than higher strain 

levels.  The fact that the change in phase lag with frequency is nearly the same regardless 

of the strain level indicates that the viscous energy dissipation mechanism is strain level 

independent.



 

 
 
 
 

CHAPTER 5  
 
 
 

DISCUSSION 

 
 

 The research described in this thesis investigated the multiaxial viscoelastic 

material behavior of the human MCL under both stress relaxation and cyclic loading 

conditions.  A novel test device and detailed experimental protocol were developed and 

tested to quantify the viscoelastic response of the tissue under three different loading 

conditions.  As hypothesized, dynamic stiffness increased slightly with strain rate and 

strain level.  The magnitude of the dynamic stiffness varied greatly with test mode but the 

qualitative behavior was very similar between test modes.  Results showed an increase of 

phase lag with frequency, in disagreement with our hypothesis. This might indicate the 

existence of a protective mechanism to dissipate energy at high load rates preventing 

ligament damage.  The data also demonstrate the inadequacy of the QLV theory to 

represent the damping behavior (energy dissipation) of ligaments.  These data will allow 

the formulation and validation of three-dimensional constitutive models that count for the 

anisotropy, quasistatic and dynamic viscoelastic behavior of soft tissue.   

 The peak and equilibrium stress-strain curves obtained by plotting the stresses 

from the relaxation experiments suggest somewhat different elastic mechanisms for 

transverse, longitudinal and shear test modes.  The nonlinearity of the longitudinal stress-
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strain curves is likely due to the uncrimping of the collagen fibers.  The shear stress-strain 

curves were also highly non-linear, and this non-linearity might be due to interactions 

between the fibers and the matrix.  The transverse stress-strain behavior was more linear, 

in agreement with previously published data [4].  This suggests that another underlying 

elastic mechanism must be responsible, different from the longitudinal and shear cases. 

 The normalized stress relaxation curves exhibited bilinear behavior, with slower 

relaxation occurring over the time range from 0 to 1 seconds, and faster relaxation 

behavior following 1 second.  This suggests that more than one relaxation mechanism is 

governing the energy dissipation.  The relaxation behavior was independent of strain 

level with the exception of the lowest strain level for the longitudinal case.  Further, the 

changes in the curves with time were very similar between the different test 

configurations, supporting the idea that similar relaxation mechanisms govern the MCL 

material response under all three test configurations.  Most of the reduced relaxation 

curves reported in the literature for soft tissue are linear when plotted on a graph with 

semi-log axes.  Clineff et al. [35] reported the relaxation behavior of normal and healing 

goat MCL.  In both cases, the reduced relaxation function G(t)  was linear.  This might be 

due to the fact that the data reported corresponds to the long-term viscoelastic behavior.  

Only data obtained from 6 seconds on were used to determine the relaxation curves.  By 

doing that, the short-term viscoelastic factor is omitted.  Abramowitch et al [36] 

performed similar experiments with goat MCLs.  The relaxation function G(t) was linear 

in this study as well, but only data from about 3 seconds on was used.  Kwan et al. [19] 

reported the reduced relaxation function for porcine anterior cruciate ligaments (ACL).  

The results are very similar to our longitudinal relaxation curve for the long-term 
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relaxation behavior (Fig. 4.3). However, they fail to report data for the short-term 

behavior.  In conclusion, to our knowledge, the reduced relaxation data reported in the 

literature only counts for the long-term relaxation behavior, which is linear.  All of them 

fail to present the short-term relaxation behavior (for time <0.1 sec).  The long-term 

relaxation data agrees with our results in terms of linearity (from 0.1 seconds on for the 

longitudinal case and 1 second on for the transverse and shear cases). 

 Results demonstrate that dynamic stiffness of human MCL varies greatly with test 

mode and equilibrium strain level but the magnitude is relatively insensitive to frequency 

(strain rate). The increases in dynamic stiffness with strain level for longitudinal and 

shear tests could be explained by nonlinear elastic stress-strain behavior [4,34], but the 

transverse stress-strain behavior is nearly linear [4], and thus another underlying 

mechanism must be responsible. 

 In the longitudinal testing case, the dynamic stiffness is slightly increased at low 

frequencies (Figure 4.3).  This might be an artifact of insufficient relaxation time.  Due to 

the extended length of time required for completion of the entire testing protocol the 

amount of relaxation time had to be shortened in order to avoid tissue degradation during 

testing.  It is be possible that relaxation continued during the initial 0.1 Hz cycles, 

resulting in slightly higher values for dynamic stiffness at that frequency. 

 The phase lag had very similar magnitudes and variation with frequency across all 

three test configurations.  The only exception is the higher phase lag at low frequencies 

for the longitudinal tests.  This could be due to an energy dissipation contribution by 

uncrimped collagen at the lowest strain level.  Phase was unaffected by strain level, with 

exception of lowest strain level for longitudinal test.  This result is in agreement with the 
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lack of effect of strain level observed in the reduced relaxation curves.   Increase in phase 

at higher frequencies indicates increased energy dissipation and may provide a protective 

mechanism under fast loading.  A similar trend for phase lag was noted for human lumbar 

nucleus pulposus [21].  This effect cannot be described by the standard quasilinear 

viscoelastic theory [9,37], which predicts a nearly constant phase over a wide range of 

frequencies. 

 In comparing the results from the different test configurations, it was tacitly 

assumed that the MCL was homogeneous and that there were minimal left-right 

differences in the tissue.  Due to the small dimensions of the MCLs, we were unable to 

extract three samples (longitudinal, transverse and shear) from the same ligament.  

Observations of the MCL in the current study indicate that most MCL specimens have a 

highly organized structure of parallel collagen fibers connecting the femoral and tibial 

insertions along approximately the anterior half of the superficial MCL.  The posterior 

half of the MCL generally contains less organized and possibly a lower density of 

collagen fibers.  As a result, the use of test samples from different tissue locations may 

result in some difficulty in comparing between test configurations.  However, there were 

no apparent visual differences between paired MCLs from the same donor.  This 

approach was justified by the desire to obtain three test samples from the same donor, 

thus providing consistent tissue for test samples between the three test configurations.   

Figure 4.2 shows the relationship between clamp strain and tissue strain for 

longitudinal and transverse cases.   Discrepancies between clamp strains and tissue 

strains are due to the fact that tissue is much less stiffer than the clamps.  As a 

consequence of that, the cross head displacement is distributed throughout the tissue and 
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therefore, the tissue strain readings are less stiffer.  The linear relationship between the 

clamp strain and tissue strain implies that the strain distribution in the tissue is 

homogeneous as long as it is far enough from the clamps to prevent inhomogeneities due 

to clamping effects [38]. 

 Due to limitations of the test equipment, oscillatory strain frequencies higher than 

15 Hz could not be examined.  Although never quantified explicitly, the biomechanics 

literature indicates that strain rates during typical injury situations vary from 10 – 

5000%/s [39-41].  The fastest strain rates obtained in this study were 3.04, 18.1 and 40 

%/s for the longitudinal, transverse and shear tests, respectively.  Thus, the data in this 

work provide insight into ligament mechanical function during rates that reach into the 

beginning of rates associated with injury.  Further, the slower cyclic loading rates provide 

information about ligament viscoelastic behavior during physiological levels of activity. 

 Amplitudes of the sine waves were chosen to ensure a linear stress response that 

was within the measurement resolution of our system.  Amplitudes were chosen to be as 

small as possible while still maintaining an acceptable signal/noise ratio in the load cell 

output.  For lower amplitudes than those chosen, vibration from the servomotor produced 

artifacts in the load cell signal, especially for high frequency loading (5 Hz and up). In 

the case of the shear testing, the lower loads expected made the signal/noise ratio worse 

and it was not possible to do cycling further than 10 Hz.  Applying larger amplitudes was 

not an option because they yielded a nonlinear response.  For the longitudinal testing, 

where loads are large enough to ensure a good signal/noise ratio, faster frequencies were 

not possible due to limitations of the motion controller card.  The card has an update 

period of 10 ms, meaning that for a 10 Hz sine wave, only 10 points are giving to the 
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motor for the trajectory.  Although the motion between these target points is interpolated 

smoothly, faster loading rates did not yield a faithful reproduction of the desired 

sinusoidal motion profile. 

Although equipment limitations described above prevented us to acquire 

experimental data within a larger range of strain rates characteristic of injury, the data 

reported provide insight into the anisotropy of the dynamic material properties of 

ligament. The facts that, normalized stress relaxation curves are almost unaffected by 

strain level (with exception of lowest strain level for longitudinal samples), dynamic 

stiffness varies greatly with test mode and equilibrium strain level, and phase is 

unaffected by strain level (with exception of lowest strain level for longitudinal samples) 

suggest that the viscoelastic mechanism(s) are unaffected by strain level and the changes 

in dynamic stiffness with strain level are due to the elastic behavior of the tissue.  These 

data will allow the formulation and validation of accurate three-dimensional constitutive 

models.  This will provide the means to accurately predict stress and strain under loading 

conditions that occur at rates typical of injury scenarios.  Additionally, data on ligament 

viscoelasticity can provide information on the relative mechanical significance of 

microstructural features of the tissue.   
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